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INTRODUCTION
Degradable biomaterials represent a new category of materials [1] . The role of materials is to replace damaged tissues and support their function [2] . They should form a structural support to the injured tissues, promote cellular proliferation and gradually degrade with increasing tissue repair [1] . Temporary implant devices can avoid the chronic inflammation, stress shielding, and reduce the number of operational interventions compared to permanent implants [3] . The application of these biodegradable implants is studied in the field of orthopaedics, cardiosurgery and paediatrics [4] .
Candidates for the production of biodegradable implants are some polymers [5] and metals [6] . The most studied polymers for this purpose are polyesters [5] and magnesium [7] , iron and zinc [8] are examined metals. Route of polymer degradation is hydrolysis [5] and metals are degraded in the process of corrosion [9] . The metals have superior mechanical properties compared with the polymers, therefore, metals are a better choice for orthopedic applications [10] .
In addition to sufficient mechanical properties of implantable devices is also required their acceptable biocompatibility. Biocompatibility is an important feature determining the possibility of their use as implant devices. Biological compatibility is a material property, it allows the implant to exist in a physiological environment, without damaging it in some way. The biocompatibility is the ability of the implant to provide the intended function with the desired degree of integration in the host without causing any adverse local or systemic effects [11] . Biocompatibility of degradable device is highly dependent on the degradation behavior of the material used. Implants may not operate thrombogenic, hemolytic, carcinogenic, cytotoxic, mutagenic, must not alter blood proteins and encourage the adverse effects of the immune system. These requirements apply not only to the material but also to its degradation products. The toxic effect of the substances is undesirable, at any level of the organism (cells, tissues, genetic information etc.) [12] .
Among the metal elements, iron is commonly used in development of new biodegradable materials [13] . Fe is an important component of the human body. It is part of many enzymes and proteins and moreover has similar mechanical properties to bone. Degradable implants based on iron have a low degradation rate that is necessary to adjust because slow degradation can cause the same problems as permanent implant devices, such as chronic inflammation, creation of thrombus etc. [14] . The required corrosion rate of the orthopedic implants is 0.5 mm/year in the simulated body fluid at 37 ° C [8] .
The final structure of prepared implant depends on specific application. It is important that the structure of implant material followed the appearance of tissue to replace. Open cell structure of implant devices is the optimal for porous bone tissue [15] . Simply and effective method that can be used to form this structure is powder metallurgy. The final product has near-net shape with uniform morphology [16] .
In this work the corrosion properties of iron based materials with polyethylene glycol coating were examined with regard to their use as potential orthopaedic implants. The powder metallurgy method was used to prepare metallic cellular structure. Corrosion rate of produced porous structures was determined from immersion test in simulated body fluid.
EXPERIMENTAL PROCEDURE

Material preparation
The carbonyl iron powder (CIP) fy BASF (type CC d50 3.8 -5.3, 3.8 -5.3 μm), with composition 99.5% Fe, 0.05% C, 0.01% N and 0.18% O, was used as basic material. The cellular samples were prepared by impregnating the polyurethane foam (PUR) (Filtren TM 25133) with the suspension consisting of 7 g carbonyl iron powder and 6 ml ultrapure water with 200 mg dissolved gelatine (Sigma-Aldrich, USA). The PUR impregnated with iron powder was sintered in a tube furnace Aneta 1 at 450°C for 2 hours in nitrogen atmosphere to remove PUR and then at 1120°C for 1 hour in reduction atmosphere (90% N 2 , 10% H 2 ) to obtain final open cell structure. The polyethylene glycol (Sigma-Aldrich, USA) coating layer was produced through sol-gel process on the surface of sintered Fe foam. Solutions containing 5, 10 or 15 wt.% of PEG in 96% ethanol (Mikrochem spol. s r.o., Slovakia) were stabilized at laboratory temperature for one day. Subsequently the ultrasonically cleaned Fe materials were dipped into the solutions during 3 hours at laboratory temperature and then the coated iron specimens were dried for 3 hours at 45°C.
Static immersion test
Sintered samples were weighed before corrosion test to obtain initial weights (m i ) and then the samples were ultrasonically cleaned in acetone and ethanol for 10 minutes each. Samples were immersed in 10 ml of simulated body fluid with composition 8 NaCl, 0. (Fig. 1) . The static test was carried out for 12 weeks and the temperature was kept at 37°C. After every 7 days of corrosion the experimental samples were ultrasonically cleaned in ethanol and distilled water for 10 minutes each, air dried and weighed. Corrosion rate was calculated using the formula:
where /mg] is the initial specific surface area of iron sample before corrosion and t [day] is the immersion time [17] .
The specific surface area values of experimental samples were calculated by the Brunauer-Emmett-Teller (BET) theory. The amount of corrosion products in immersion medium was obtained using the atomic absorption spectrometry (AAS). 
RESULTS AND DISCUSSION
The appearance of sintered iron specimens with PEG coating was similar to the structure of PUR foam. The deposition of PEG coating layer caused smoothing of rough texture of iron samples. Sintered cellular materials contained spherical macropores with pore size 350 -1700 μm. Immersion of specimens into Hank's solution led to destroying of the original porous structure. Figure 2 shows micrographs of experimental specimens before degradation and after 12 weeks of static test in simulated body fluid at 37°C. After 12 weeks of degradation the porous structure was totally eroded, pore walls disappeared and corrosion products were formed on the surface of prepared samples.
The surface properties of prepared experimental materials were investigated by BET method and the S BET (specific surface area) values are listed in Table 1 . The S BET values increase as the following: Fe, Fe + 5 wt.% PEG, Fe + 10 wt.% PEG, Fe + 15 wt.% PEG. The polymer coating caused an increase in the specific surface area values of samples with PEG film compared to the uncoated specimen. It can be seen that the highest specific surface area was found in the Fe + 15 wt.% PEG. The content of degradation products on the surface of uncoated and PEG coated specimens was determined by energy-dispersive X-ray (EDX) analysis. Amount of degradation products is summarised in Table 2 . Increase in oxygen amount indicates the accumulation of corrosion products from 4 to 12 week of the immersion in Hank's solution for all samples. The quantity of degradation products increases with the amount of the PEG coating and with the time of immersion in Hank's solution. The highest corrosion product amounts are on the material surfaces after 12-week immersion for all samples. Figure 3 shows the mass losses depending on the time of immersion in simulated body fluid. The fastest degradation throughout the first 4 weeks was observed for the sample with 15 wt.% PEG. Slight increase in degradation rate of the sample with 10 wt.% PEG was registered in course of remaining time of immersion. The mass losses for coated structures were approximately two times higher than that for uncoated Fe material. The values of mass losses obtained from static immersion test are referred in Table 3 . The more significant mass changes are observed in the samples coated with PEG than iron sample. The mass loss increases with the amount of polymer on the surface of a porous structure.
Released iron content of the samples was determined by AAS. The amount of the corrosion products in Hank's solution after static immersion test are listed in Table 4 . The values of iron concentration in simulated body fluid increase from the fourth to twelfth week of immersion. The highest amounts of Fe in Hank's solution were observed for uncoated sample and among polymer coated materials the most iron released was measured for Fe + 15 wt.% PEG.
Tab The values of corrosion rate determined from immersion test were calculated using the formula (1). The corrosion rates are summarized in 
CONCLUSION
The iron based materials were prepared by powder metallurgy method and then coated with PEG layer using sol-gel process. The static immersion test was used to investigate of corrosion behaviour of iron-polymer samples. The results of the study showed that the polymer coating causes the desired increase in the degradation rate of carbonyl iron based porous structures. Increasing the corrosion rate of iron implant is desirable to allow the proliferation of bone tissue thereby restoring bone. Despite the fact that the PEG coating helped to improve the degradation of cellular samples obtained results are still not sufficient for some applications. And the process of degradation of porous iron material still needs to be adjusted in the light of accelerating.
